Introduction

B
one tissue engineering (TE) has emerged with the aim of producing biological substitutes for bone tissue regeneration. The need for bone constructs stems from the limited availability of donor tissues, which can be categorized as autografts, allografts, and xenografts. However, each type of donor tissue comes with its own set of limitations. For example, many difficulties are associated with autografts, such as high cost, requirement of additional surgeries, donor-site morbidity, and limiting autographs for the treatment of small defects. 1 Allografts can be used for larger defects but are limited by the possible immune rejection, disease transmission, and lower incorporation rate compared to autografts. 1 Xenografts are rarely used since they share the same drawbacks as allografts and their physiological structures and functions do not exactly match that of human tissue. 2 TE strategies have been applied as promising alternatives to address the problems associated with the current therapeutic techniques and to produce bone constructs that mimic the structure of natural bone.
In an attempt toward clinical success of engineered bone constructs, tissue engineers have focused on fabricating bone tissues with similar properties (e.g., mechanical strength and microstructure) and function to naturally occurring bone. Bone tissue is composed of an external layer, referred to as cortical or compact bone, and an internal layer, referred to as cancellous or spongy bone (Fig. 1) . Cortical bone makes up to *80% of the total bone mass in adults. 3 It is extremely dense, with low porosity (20%) and high mechanical strength . 4 Cancellous bone accounts for the other 20% of the total bone mass and is highly porous (50%-90%), with *10% of the mechanical strength of cortical bone. 3 Osteons are functional units within the cortical bone structure and contain central haversian canals, which house nerves and blood vessels. 5 In contrast, cancellous bone does not contain osteon units, as its high porosity and surface area allows for better penetration of vasculature. 6 Although cortical and cancellous layers are quite different in structure, they both contain a highly vascularized network. The presence of a vascular network is essential to supply nutrients and remove waste products. Therefore, it is required to incorporate a vascularized network into engineered bone substitutes in order to mimic the structure of natural bone tissue.
Despite their enormous potential for bone regeneration, current TE strategies are extremely limited by the lack of vascularization, leading to poor graft integration and failure of engineered substitutes in clinical trials. Here, we aim to discuss possible strategies to improve bone tissue regeneration by enhancement of vascularization in engineered constructs.
Strategies to Enhance Vascularization in Engineered Bone Constructs
Vascularization plays a crucial role in supplying cells with oxygen and nutrients and removing waste products from the engineered tissue constructs. The need for a vasculature is particularly important when engineering three-dimensional (3D) thick tissues like the heart, liver, and kidney. [7] [8] [9] The importance of vascularization has been also demonstrated for the engineering of other tissues, such as muscle, nerve, and bone. 8, 10, 11 Various strategies have been attempted to enhance the establishment of vascular networks within engineered constructs for bone regeneration (Fig. 2) . These include (A) directing cell behavior through growth factor delivery, (B) using coculturing systems, (C) applying mechanical stimulation, (D) using biomaterials with appropriate properties, and (E) incorporating microfabrication techniques.
Interactions between cells play an important role in directing their function and differentiation. In vivo cellular communication is mainly through a cascade of chemical cues, such as protein interactions and growth factor signaling. Growth factors are known to affect cellular proliferation, migration, and differentiation during bone repair. 12 For instance, bone morphogenetic protein-2 (BMP-2), transforming growth factor-b (TGF-b), fibroblast growth factor (FGF), platelet-derived growth factor (PDGF), insulin-like growth factor (IGF), endothelin-1, and vascular endothelial growth factor (VEGF) are involved in bone formation. 13 BMP, PDGF, FGF, and VEGF have been shown to enhance migration of osteoprogenitor cells, while TGF-b, IGFs, and BMPs modulate their proliferation and differentiation. 14 Additionally, VEGF and FGF are involved in initiating vascular growth during bone healing. 13 The cross-talk between osteoblasts and endothelial cells (ECs) is conducted through the release of VEGF by osteoblasts, which act on ECs to promote angiogenesis, 11 and through the release of BMPs by ECs, which act on precursor bone cells to promote osteoblastic differentiation. In addition, FGF has been shown to stimulate proliferation and migration of ECs 15 and also induce osteoblasts differentiation. 16 As for physical signals, cells can be stimulated either by cell-cell contact via coupling of gap junction proteins between different cell types or by externally applied stimulation such as mechanical or electrical signals. The coupling of osteocytes and ECs through gap junction proteins has been demonstrated to regulate gene expression and drive osteoblastic differentiation, 17 indicating the importance of cell-cell physical contact in directing cell function.
Growth factor delivery
As mentioned in the previous section, cells respond to chemical and physical signals; thus, previous bone TE approaches have exploited this concept to control cellular behavior both in vitro and in vivo. A number of investigators have attempted to recapitulate this signaling process in vitro through the delivery of exogenous growth factors to direct cellular behavior. The classic approach is to deliver one growth factor by bolus injection, but this approach does not emulate the in vivo cascade of cellular signaling. This is because bolus injections fail to locally and efficiently deliver specific growth factors for proper modulation of cellular function. Current efforts of bolus growth factor injection at the site of injury have been limited by the rapid diffusion of the growth factors and the lack of temporal control, resulting in nonlocalized and transient cellular responses. Tomanek et al. evaluated the effects of bolus injection of both VEGF and bFGF on vasculogenesis. It was found that the injection of VEGF induced inappropriate neovascularization in avascular areas. 18 The use of bFGF enhanced vasculogenesis, but the vasculature was transient and disappeared at later stages. 18 As an alternative method to achieve sustained release of growth factors and in turn improve on bone TE strategies, investigators explored the effects of growth factor encapsulation within degradable microparticles. Solorio et al. encapsulated BMP-2 within crosslinked gelatin microparticles to induce bone formation from human mesenchymal stem cells (hMSCs) through the sustained release of BMP-2. 19 It was found that the release of BMP-2 from gelatin microparticles resulted in an increase of bone sialoprotein (BSP) gene expression of hMSCs. 19 In another study, Formiga et al. demonstrated that the sustained release of VEGF from poly (lacticco-glycolic acid) (PLGA) microparticles resulted in in vivo revascularization with stable vessels. 20 However, vasculature was not formed through the bolus injection of free VEGF, which was due to the short half-life of the protein in vivo.
Furthermore, the delivery of a single growth factor often fails because its isolated action does not emulate the complex process of bone regeneration in vivo, which involves the interaction of a large number of growth factors and cytokines. 21 For this reason, a number of investigators have explored the effects of the combined delivery of multiple growth factors. BMPs are well established as potent osteoinductive growth factors and their delivery in combination with other growth factors has been shown to enhance bone formation in vivo. 21 A study by Duneas et al. demonstrated that the combination of TGF-b and BMP-7 produced a synergistic effect to enhance bone formation in vivo. 22 This synergy was also observed by Simmons et al. after they implanted RGD-modified alginate hydrogels containing both TGF-b3 and BMP-2 with bone marrow stromal cells (BMSCs) in mice. 23 After 6 weeks of implantation, the combined delivery of both TGF-b3 and BMP-2 showed significant bone formation by transplanted BMSCs. In contrast, individual delivery of TGF-b3 or BMP-2 resulted in negligible bone formation even after 22 weeks. Interestingly, the enhancement of bone regeneration by the combined delivery of FGF and BMP is dependent on both time and dose. Kubota et al. combined the locally delivered BMP-2 with subcutaneous injections of FGF-4 and found that FGF increased bone formation when administered early (days 2-4), but had no effect when injected at later time points (days 6-11), demonstrating that the effect of FGF on BMP-induced bone formation is time dependent. 24 The dose-dependent effect of FGF when combined with BMP was observed by Nakamura et al. when they implanted type I collagen disks into mice that contained a constant amount of BMP-2 (5 mg) and varying amounts of FGF-2. 25 The effect of simultaneous and sequential delivery on bone formation has been also investigated. [26] [27] [28] [29] [30] [31] In one study, Raiche et al. found that the temporal delivery of BMP-1 and IGF-I can significantly affect alkaline phosphatase (ALP) activity during in vitro culture. 26 In this study, layered gelatin coatings were used to develop a sequential delivery system; one layer was crosslinked to encapsulate BMP-2, while the other layer contained IGF-I. The highest ALP activity was observed with the early release of BMP-2 followed by the subsequent release of IGF-I, while the simultaneous release of BMP-2 and IFG-I from both layers had no effect on the ALP activity. Other studies have also shown the effect of sequential release of BMP-2 and BMP-7 from nanocapsules of PLGA and poly(3-hydroxybutyrate-co-3-hydroxyvalerate), and PLGA scaffolds loaded with poly(4-vinyl pyridine)/alginic acid polyelectrolyte microspheres. 28, 29 It was found that
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the early release of BMP-2 followed by BMP-7 suppressed rat MSC proliferation and increased osteogenic differentiation. 28, 29 These results indicate that correct growth factor combinations and delivery strategies (simultaneous and sequential delivery, single or multiple growth factor) greatly affect osteogenic differentiation and should be considered when designing delivery systems.
The studies discussed above demonstrate that the delivery of multiple growth factors can enhance bone formation. However, since blood vessel formation is tightly coupled with bone regeneration, the ideal scenario would be to deliver a cascade of multiple growth factors to simultaneously induce angiogenesis and osteogenesis in order to produce a vascularized bone tissue substitute. VEGF plays a critical role in angiogenesis during bone formation; therefore, its combined delivery, along with other growth factors, may enhance vascularization in bone tissue constructs. In one study, Richardson et al. found that sustained dual delivery of both VEGF and PDGF resulted in highly dense and wellestablished vessels compared to the bolus delivery of either of the growth factors alone. 32 Patel et al. also demonstrated that dual delivery of VEGF and BMP-2 encapsulated in gelatin microparticles resulted in a synergistic effect, promoting both osteogenic response and blood vessel formation in an 8-mm rat cranial defect. 33 In another study, Shah et al. created a dual delivery system using polyelectrolyte multilayer films (PEM) fabricated through layer-by-layer assembly. 34 Various ratios of BMP-2 and VEGF were entrapped within the different PEM layers. It was found that VEGF was released from the PEM layers over the first 8 days, while the release of BMP-2 was sustained for 2 weeks. After implantation, the mineral density within de novo bone was increased by 33% in a PEM scaffold containing both BMP-2 and VEGF compared to those containing BMP-2 only. Mikos and coworkers also investigated the effects of individual and dual delivery of BMP-2 and VEGF on bone formation using a rat cranial critical-size defect. 35 Four weeks after implantation, dual delivery of BMP-2 and VEGF resulted in a higher percentage of bone fill compared to the delivery of BMP-2 alone. However, no significant difference was observed after 12 weeks. 35 These results suggest that the delivery of multiple growth factors is a possible strategy to enhance the formation of vascularized bone tissue substitues. However, the types of growth factors to be combined, the dosage used, and the delivery method, all need to be carefully controlled in order to improve bone tissue formation, since slight alterations to any of these components can actually result in inhibition of bone regeneration. Furthermore, the limited number of studies on the combinatory delivery of multiple growth factors suggests the need of additional studies to evaluate all possible combinations and optimize concentrations, ratios, other timing, and delivery sequence.
Coculturing systems
It is well known that there is an intricate connection between osteogenesis and angiogenesis during in vivo bone formation. In fact, angiogenesis is a prerequisite for osteogenesis. 36 Therefore, the cellular interaction between osteoblasts and ECs is essential in bone formation. Wang et al. illustrated the important relationship between osteoblasts and ECs by coculturing human osteoblast-like cells (HOBs) with human umbilical vein endothelial cells (HUVECs). 37 The co- As this review aims to discuss possible strategies for vascular enhancement within engineered bone tissue replacements, the coculture of ECs and osteoblasts is presented as a promising alternative, due to the important relationship between these cells during bone formation, remodeling, and repair. 38 Recent findings have shown that the in vivo vascular networks produced by a single-cell population are immature and less stable compared to networks formed from coculturing systems. 39 The importance of a coculturing system in bone TE stems from the need to promote osteogenesis and vascularization simultaneously in order to create vascularized engineered bone tissue constructs. Yu et al. demonstrated the feasibility of coculturing bone marrow-derived ECs and osteoblasts in a polycaprolactone (PCL)/hydroxyapatite scaffold to promote vascularization and osteogenesis processes. 40 It was found that the presence of both cell types within the scaffolds resulted in the formation of vessel-like structures. 40 In another study, Zhou et al. induced MSCs to differentiate into ECs, and then cocultured MSCs and MSC-derived ECs within a porous b-tricalcium phosphate (b-TCP) ceramic biomaterial to investigate the effects of MSC-derived ECs on the proliferation and osteogenesis of MSCs. Coculturing the cells resulted in vascularized bone formation, since ECs promoted MSCs osteogenesis and accelerated local vascularization. Additionally, de novo bone exhibited natural mechanical properties and vascularization after 16 weeks, with stable degradation of the implanted material and repair of bone defects within the rabbit model. 41 Villars et al. also demonstrated that coculturing of MSCs and ECs enhanced osteoblast proliferation and vascularization of engineered bone. 17 It was found that VEGF was not responsible for this improvement; the physical intercommunication involving cell membrane proteins between MSCs and ECs was the driving force of the superior cellular responses. 17 Kaigler et al. obtained similar results when they performed a comparative study that evaluated BMSCs cultured in ECs-conditioned medium, on ECs extracellular matrix (ECM), and cocultured with and without EC contact. 42 A significant increase in osteogenic differentiation of BMSCs was observed in vitro only when cultured in direct contact with ECs. Additionally, greater in vivo bone formation was detected when ECs were co-transplanted with BMSCs than when BMSCs were transplanted alone. These findings suggest that the use of coculturing systems can potentially aid in improving bone regeneration and enhancing preformed vascular networks for bone TE purposes.
Mechanical stimulation
Mechanical force is a form of physical signaling that can affect cell functions within the body, including migration,
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proliferation, enzyme secretion, and matrix orientation. 43, 44 In bone TE, it has been well established that applying external mechanical stimuli can enhance bone tissue formation. 45, 46 It has been shown that the use of bioreactors provides mechanical stimulation for cells to accelerate bone formation. They also induce fluid flow throughout the scaffold, allowing sufficient nutrient and waste exchange to increase cell viability and homogeneous distribution of cells within the biomaterial. [47] [48] [49] Various types of bioreactors such as spinner flask, rotating wall vessel reactor, and flow perfusion have been used to apply mechanical stimulation and fluid flow to bone tissue constructs and compare their effects with static culture conditions. 48, 49 In one study, the effect of static and bioreactor cultures on PCL/TCP scaffolds seeded with human fetal MSC was investigated. 48 Compared to static culture, the use of a biaxial rotating bioreactor significantly increased proliferation and osteogenic differentiation both in vitro and in vivo, demonstrating its potential for bone TE applications. 48 In another study, a perfusion flow bioreactor was used to induce media perfusion and mechanical stimulations in a 3D culture condition for human bone mesenchymal stromal cells (hBMSC) encapsulated in a polyurethane scaffold. 47 In vitro studies indicated that the proliferation and differentiation of hBMSC were promoted when perfusion (10 mL/min) and on-off cyclic compressions mechanical stimulation (10% strain) were applied over 2 weeks' culture. 47 These results demonstrate that perfusion and mechanical stimulation, induced by using bioreactor, are promising approches to enhance bone formation. Mauney et al. also demonstrated that the application of cyclic mechanical stimulation promoted osteogenic differentiation of MSCs within demineralized bone scaffolds. 50 Their developed bioreactor system closely mimicked the in vivo mechanical signals that stimulate osteoprogenitor cells to differentiate into osteoblasts within the cortical bone surface. Ignatius et al. also demonstrated that cyclic uniaxial mechanical strain increased multiple gene expressions that were involved in cell proliferation, matrix production, and osteoblastic differentiation. 51 Kaneuji et al. demonstrated that static compressive force enhanced the expression of osteoprotegerin, a known inhibitor of osteoclast differentiation, which resulted in the promotion of bone growth. 46 It was found that both osteoblasts and osteocytes respond to mechanical stress by regulating osteoclastogenesis. 46 In another study, Forwood et al. showed that dynamic load with a magnitude of 65 N increased bone formation rate and produced the highest osteogenic response. 52 However, they found that applying dynamic load did not affect the rate of bone formation until after 5 days of culture. 52 Van Eijk et al. verified the application of the load during the first 5 days of culture had a negative effect on cell proliferation and differentiation, while after day 5, the mechanical stimulation induced alignment, proliferation, and differentiation of bone marrow cells. 53 These findings suggested that the temporal regulation of the applied load plays a crucial role in regulating cell responses.
The use of mechanical stimulation to modulate MSC differentiation and osteocyte behavior has been well explored. However, to improve upon this strategy it may be crucial to understand how mechanical stimulation would affect ECs and their ability to form blood vessels in vitro. It has been shown that the initiation and progression of angiogenesis processes, as well as ECs function, are affected by hemodynamic forces, which are exerted by blood flow (cyclic strain and shear stress). 54, 55 For example, Von Offenberg Sweeney et al. showed an increase in bovine aortic endothelial cell (BAEC) migration and tube formation as a function of applied strain, 54 while Li et al. found that BAEC proliferation was critically regulated by cyclic strain. 55 Additionally, Iba et al. demonstrated that cyclic strain influenced in vitro ECs alignment and elongation by a mechanism dependent on the organization and network of actin filaments. 56 Furthermore, Azuma et al. conducted a study to evaluate how BAECs respond to cyclic strain versus shear stress. They found a more robust and rapid activation of mechanoreceptors in response to shear stress than to cyclic strain, indicating that the type of mechanical force determines which mitogen-activated protein kinases are activated. 57 These studies provide evidence that mechanical stimuli not only affect osteogenesis but can also be utilized to initiate and regulate the process of angiogenesis and consequently lead to the formation of blood vessels.
Evidence from previous works shows that applying mechanical signals can help regulate one biological process, but like for any other in vivo phenomena, isolated responses do not occur. Few investigators have begun to study how mechanical stimulation would affect both osteogenesis and angiogenesis concurrently. Cheung et al. evaluated the relationship between fluid flow and osteocyte apoptosis and found that osteocytes, exposed to fluid flow, were protected from apoptosis. 58 Osteocyte apoptosis mainly occurred as a result of reduced interstitial fluid flow and preceded osteoclast recruitment and activity. 59 As a result, the colocalization of osteocyte apoptosis and the recruitment of osteoclasts at the remodeling site promoted angiogenesis, since the apoptosis of the osteocytes increased the release of VEGF. Cheung et al. also demonstrated that apoptotic osteocytes promoted EC proliferation, migration, and tubule network formation. 58 This study suggested that by regulating fluid flow, it is possible to modulate osteocyte apoptosis and promote vascularization in a VEGF-mediated manner. In another study, Li et al. developed a mechanical stimulator to apply periodic compressive load and evaluate VEGF delivery from alginate microparticles. 60 It was found that periodic compression accelerated VEGF release from alginate microspheres compared to noncompressed samples. Moreover, the applied load enhanced the expression of matrix metalloproteinase (MMP)-2 and -9 in HUVECs that were cultured on a demineralized bone scaffold containing VEGF alginate microspheres. The increased expression of MMPs suggested that enhanced release of VEGF under applied compressive load is crucial in HUVEC activation and angiogenesis promotion. The results of these studies illustrate the efforts toward combining TE strategies to further improve engineered constructs and to develop more complex tissue substitutes.
Utilization of suitable biomaterials
Another classical bone TE approach is to select a suitable biomaterial scaffold that provides structural support for 3D bone tissue formation. 61 The properties of scaffolds can be tailored in order to induce and direct cellular attachment, proliferation, migration, and differentiation, 62 making them prominent tools in the bone TE field. Even though the use of biomaterial scaffolds in bone TE has shown success for bone regeneration, there are still some limitations. For example, lack of de novo tissue growth in 3D scaffolds remains a major limitation in clinical applications of engineered scaffolds for bone repair. The limited, peripheral bone tissue formation is mainly due to insufficient nutrient and oxygen delivery and metabolic waste removal within the 3D structure of the scaffolds. 63, 64 This is more profound under static culture conditions, where the high cell density on the outer surfaces of the scaffolds may result in diminished nutrient supply to the cells located inside the scaffolds. Consequently, the cells at the center of the constructs would be subjected to nutrient deprivation and ultimately necrosis, which hinders the success of engineered constructs for bone regeneration. 11, 40 In the absence of an intrinsic capillary network, the engineered tissues can only have a maximum thickness of 150-200 mm; dimensions larger than this threshold may result in lack of oxygen inside the biomaterials. 65 In bone TE, biomaterial scaffolds serve as templates for bone-forming cell growth as well as the establishment of a vascular system. Vasculature is formed through adhesion, migration, and functionality of ECs seeded within the scaffold. In fact, simultaneous in vitro culture of ECs and osteoblasts in a suitable scaffold can aid in the establishment of microcapillary-like networks within the constructs. The scaffold type and its properties play an important role in bone tissue formation as well as vascular network creation. The ability to fabricate scaffolds with the appropriate properties can help facilitate the formation of vasculature within the engineered bone constructs.
Biomaterial selection. Biomaterial selection is a critical factor in bone TE as the properties of scaffold mainly depend on the nature of the biomaterial. A variety of materials has been used in bone TE, including metals, ceramics, synthetic and natural polymers, and composites. The utilization of each individual material has been well explored by many investigators; however, the ability to identify the best biomaterial for bone TE applications is a difficult task, since each material has inherent drawbacks. Metals such as titanium, stainless steel, and cobalt-chromium can be used as biocompatible, strong, and inexpensive materials for bone repair. However, metals are not biodegradable and have PDGF, platelet-derived growth factor; BMP, bone morphogenetic protein; VEGF, vascular endothelial growth factor; ECs, endothelial cells; hMSC, human mesenchymal stem cells; BSP, bone sialoprotein; PLGA, poly (lactic-co-glycolic acid); HUVECs, human umbilical vein endothelial cells; b-TCP, b-tricalcium phosphate; PCL, polycaprolactone; MMP, matrix metalloproteinase; PLG, poly (L-lactide-co-glycolide); hESC, human embryonic stem cell.
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higher moduli than that of natural bone, which induces stress shielding. 66, 67 Ceramics and biodegradable polymers have been investigated as alternative scaffolds for bone TE applications. Bioceramics such as hydroxyapatite and b-TCP have been widely used for bone repair due to their excellent bioactivity, which is attributed to their structural and compositional similarity with the mineral phase of bone. 68 The bioactivity of ceramics facilitates the attachment of osteoprogenitor cells seeded on the surface and production of bone ECM. 69 In spite of numerous advantages, the brittleness and low mechanical properties of ceramics may result in their fracture upon applying load, making them unsuitable for the regeneration of large bone defect. [70] [71] [72] In addition, the low degradation rate of bioceramics (e.g., hydroxyapatite) hinders the substitution of the scaffold with newly formed tissue after implantation. Although the fabrication of hydroxyapatite/b-TCP composite scaffolds (known as biphasic calcium phosphate [BCP]) increases the degradation rate, the BCP scaffolds still remain in the body for several months, which is longer than the required time for bone healing (a few weeks). 69 Biodegradable polymers are ideal materials to use as alternatives to metals and ceramics for the development of bone TE scaffolds. 73 Their wide use for bone repair is due to their remarkable properties, including biocompatibility, tunable degradation, processability, and versatility. 69 Polymers are divided in two groups of natural and synthetic. Among synthetic polymers, poly (a-hydroxy) esters, such as poly (lactic acid), 74 poly (glycolic acid), 75 PLGA, 76 and polyurethanes, 77, 78 have been widely utilized for bone regeneration. Other synthetic polymers that are of interest for bone repair are poly (propylene fumarate) (PPF), [79] [80] [81] [82] polyanhydride, 83, 84 and poly (ethylene oxide)/poly (butylene terephthalate) copolymers. 85, 86 Synthetic biodegradable polymers have higher mechanical properties than natural polymers and can be easily processed. It is also possible to fabricate synthetic-based polymeric scaffolds with tunable properties, such mechanical stiffness and pore characteristics, to create an optimal environment for cell proliferation, vascularization, and new bone formation. However, the intrinsic hydrophobicity and lack of cell-recognition sites within the structures of some synthetic polymers obstruct cellular penetration, adhesion, and growth within the scaffold. Natural polymers can interact with cells to regulate or direct their function. However, they have lower mechanical properties compared to synthetic polymers. 93, 94 Hydrogels are polymeric networks that have the ability to absorb and retain a large volume of water (80%-99%). 95 Hydrogels can be made from natural biodegradable polymers such collagen, chitosan, and gelatin, or synthetic polymers such as polyethylene glycol (PEG) and polyvinyl alcohol. 96, 97 Their remarkable properties, including similarities with the ECM, proper biological performance, hydrophilicity, high permeability to oxygen and nutrients, and inherent cellular interaction capabilities, make them leading candidates for engineered tissue scaffolds. 95 However, they are mechanically weak and unable to support significant loads experienced by bone tissue in vivo. Various methods have been applied to enhance the mechanical properties of hydrogels, such as crosslinking (chemical, physical, or UV) 98, 99 or blending with other polymers.
100-102
Limitations of individual materials have led investigators toward exploring ways to improve biomaterial characteristics, such as combining natural polymers with synthetic polymers to create a balance between biological signals and mechanical properties. [103] [104] [105] [106] For instance, Annabi et al. developed a two-stage solvent-free dense gas technique to produce porous 3D structures of natural/synthetic polymeric composites. 107 In the first stage, a gas-foaming/saltleaching process was used to create large pores with an average pore size of 540 -21 mm in a PCL matrix. The pores of PCL scaffolds were then filled with crosslinked elastin under high pressure CO 2 to form an elastin structure (average pore size *50 mm) within the macroporous PCL scaffolds. The addition of elastin within the pores of PCL scaffolds improved the cellular attachment and proliferation within the constructs. The use of PCL also increased the compressive modulus, from 0.001 MPa for the pure elastin hydrogel, to 1.3 MPa. 107 A study conducted by Nguyen et al. demonstrated that the mechanical strength of natural polymers, such as chondroitin sulfate (82.4 kPa) and hyaluronic acid (31.5 kPa), could be improved to 118 and 331 kPa, respectively, by incorporating PEG, a synthetic polymer. 104 Additionally, polymers have been combined with ceramics to overcome the drawbacks of each individual material and provide composites that are suitable for osteogenic applications. For example, it was reported that the compressive modulus of a hydroxyapatite scaffold increased from 0.2 to 0.5 MPa when it was coated with PCL to create a hydroxyapatite/PCL composite. 108 Another study by Kang et al. also reported that infiltration of PLGA significantly increased the compressive strength of b-TCP scaffolds from 2.9 to 4.2 MPa, and toughness from 0.2 to 1.4 MPa, while retaining an interconnected and highly porous structure. 109 In addition, Lickorish et al. found that coating a collagen scaffold with hydroxyapatite could improve the attachment and proliferation of rabbit periosteal cells due to the formation of a bioactive apatite layer on the surface of the scaffold. 110 The combination of natural and synthetic polymers with ceramics has been also used in bone TE. Chen et al. developed a process to fabricate PLGA/collagen/apatite scaffolds with a porosity of 91% and pore sizes between 355 and 422 mm for bone regeneration. In this technique, a porous structure of PLGA was first fabricated by using a salt-leaching process. Collagen microsponges were then formed in the pores of PLGA scaffold, followed by apatite particulate deposition on the surface of the microsponges. The use of PLGA improved the mechanical integrity of the scaffold and incorporation of collagen resulted in the uniform deposition of apatite particles throughout the scaffold, which enhanced bone formation. 111 Scaffold properties. In bone TE, scaffolds serve as temporary structural supports for cell interactions and formation of bone ECM. Additionally, bone TE scaffolds have been used to deliver growth factors encapsulated within their structures, 112 and in some cases they have facilitated vascularization of neo-tissue. 113, 114 In general, more successful biomaterial scaffolds for bone TE are biodegradable, biocompatible, porous, and possess sufficient mechanical strength for load-bearing applications. The scaffold characteristics, including porosity, average pore size, and FABRICATION OF VASCULARIZED BONE TISSUE-ENGINEERED CONSTRUCTSmechanical stiffness, have been shown to influence cell survival, signaling, growth, gene expression, and phenotype. [115] [116] [117] [118] Many investigators have attempted to manipulate these properties to fabricate constructs, which mimic bone morphology, structure, and function. 69 The pore architecture of scaffold in terms of porosity, average pore size, and pore interconnectivity is crucial for cell survival, proliferation, and formation of 3D bone tissue in vitro and in vivo. 119 The porosity of a scaffold can affect osteoblast proliferation and the extent of osteogenesis during bone regeneration 120 ; thus, manipulating the porosity of the scaffold can improve scaffold function. Kuboki et al. reported that osteogenesis occurred when using a porous hydroxyapatite scaffold as a BMP-2 carrier in a rat ectopic model. However, no bone formation was observed when nonporous solid hydroxyapatite particles were used as the BMP-2 carriers. 121 In addition, scaffolds with highly porous surfaces enhance mechanical interconnection between the implanted biomaterial and surrounding bone tissue, resulting in higher mechanical stability at the implant/bone tissue interface. 122 Higher porosity and larger pore sizes have been also shown to allow for in vivo bone ingrowth and vascularization. Roy et al. found that in a PLGA/b-TCP composite scaffold with a porosity gradient from 80% to 88%, bone tissue formation was enhanced in the region with higher porosity after implantation in rabbit craniums. 123 Kruyt et al. also demonstrated higher proliferation of goat bone marrow stromal cells in hydroxyapatite scaffolds with 70% porosity and an average pore size of 800 mm compared to those with 60% porosity and an average pore size of 700 mm during a 6-day ex vivo culture. 124 However, in vitro osteogenesis has been shown to increase with lower porosity. Takahashi et al. fabricated nonwoven fabrics from polyethylene terephthalate (PET) with porosities ranging from 93% to 97%. 125 They reported that higher porosity (97%) allowed for sufficient oxygen and nutrient delivery within the scaffold, which resulted in an increase in the proliferation rate of rat MSCs. In contrast, MSCs cultured on PET scaffolds with lower porosity (93%) exhibited higher osteogenic differentiation. 125 These results demonstrated that scaffold porosity could be manipulated for better control and modulation of cellular behavior and function within the scaffold.
In addition to porosity, the average pore size of the scaffold greatly affects bone formation and the creation of a vascular network, and can also be manipulated to produce the desired outcomes. Pores are necessary for bone tissue formation as they allow for cell migration and ingrowth, and nutrient diffusion for cell survival. In general, scaffolds with pore sizes larger than 50 mm can allow for both delivery of nutrients and oxygen and removal of metabolic waste, but can also result in lower cellular attachment and intracellular signaling, while scaffolds containing pore sizes smaller than 10 mm have the opposite effects. 126 Therefore, the fabrication of scaffolds containing both macropores and micropores can be beneficial for bone formation and vasculature creation. 127 The initial study by Hulbert et al. demonstrated that optimum pore sizes should be larger than 100 mm for regeneration of vascularized bone tissue. 128 In this study, calcium aluminate cylindrical pellets with 46% porosity and various pore sizes in the range of 10-200 mm were implanted in dog femorals to investigate the effect of pore size on bone formation. They found that large pores ( > 200 mm) enhanced bone ingrowth and vascular formation, while smaller pores, in the range of 75-100 mm, resulted in formation of unmineralized osteoid tissue. 128 Further decrease in the pore sizes of the scaffolds ( < 75 mm) led to the formation of fibrous connective tissue after 12 weeks of implantation. 128 Narayan et al. also demonstrated that the average pore size and interpore distance of PLGA scaffold significantly influenced EC growth. 129 They reported that EC growth was enhanced on smaller pore sizes, in the range of 5-20 mm, with lower interpore distance. 129 In another study, Akay et al. reported that the proliferation of primary rat osteoblasts seeded into a porous polymeric scaffold containing hydroxyapatite was enhanced when the average pore size of scaffold was less than 40 mm. 130 Osteoblasts were shown to penetrate faster within the scaffolds containing large pores (> 100 mm); however, the extent of mineralization was not affected by the pore size. 130 Kuboki et al. showed that higher bone formation occurred in porous hydroxyapatite scaffolds with pore sizes in the range of 300-400 mm after 4 weeks of implantation in rat. 131 This was explained by the rapid vascularization within the implanted scaffolds, which provided a proper microenvironment for osteogenesis. 131 These results indicate that the average pore size of scaffolds can be manipulated to potentially improve the formation of bone and vascular networks in bone TE.
In addition to porosity and average pore size, pore interconnectivity within scaffolds also plays an important role in bone tissue formation. Lack of pore interconnection can lead to poor nutrient and oxygen delivery as well as limited waste removal from the scaffold. 132 This may inhibit cellular growth within the biomaterial even if it is highly porous. Gomes et al. studied the effect of pore interconnectivity and flow perfusion on the proliferation and osteogenic differentiation of rat BMSCs seeded on two starch-based scaffolds with different pores interconnectivities. 133 It was found that under perfusion flow, higher cell distribution was observed within the scaffolds with higher degree of pore interconnectivity compared to those with limited pore interconnects. Cells were not able to spread throughout the interior of the scaffold with low pore interconnectivity. 133 In another study, the effect of pore interconnections within silk fibroin scaffolds seeded with MSCs was investigated. 134 It was shown that the variation of pore interconnectivities had no significant effects on ALP expression and calcium deposition after 4 weeks of culture; however, cellular penetration and in vitro bone formation were significantly affected by scaffold interconnectivity. Silk scaffolds with highly interconnected pores allowed for homogenous mineralization and formation of bone-like tissue, while scaffolds with low degree of interconnectivity resulted in cellular growth only at the surface of the scaffolds. 134 Pamula et al. also showed that although gene expression levels of vinculin, b-actin, osteopontin, and osteocalcin were not affected by changing poly (Llactide-co-glycolide) scaffold interconnectivities, faster colonization was observed in scaffolds with higher degree of interconnectivity. 135 Increasing the pore sizes and pore interconnectivities of scaffolds promoted proliferation of HOBs (MG-63) that were seeded on scaffolds up to 7 days of culture; however, these differences disappeared after 15 days of culture. 135 The average pore size and pore interconnectivity of scaffolds have been also shown to affect vascularization within 370 NGUYEN ET AL.
bone tissue-engineered constructs. 136, 137 Bai et al. used a combined template/casting technique to fabricate macroporous b-TCP scaffolds with controlled pore size and interconnections for vascularized bone tissue formation. 136 They showed that the pore architecture of the scaffold could affect vascularization when using a rabbit model. It was found that increasing the pore interconnectivity of the scaffold resulted in an increase in the size and number of the blood vessels formed within the macroporous scaffold, while an increase in scaffold pore size led to an augmentation in the size of blood vessels grown within the bioceramics. Scaffolds with pore sizes smaller than 400 mm were shown to limit the growth of blood vessels within the biomaterial, while increasing the pore size above this value had no significant effect on vascular formation, suggesting an optimized pore size of 400 mm for vascularization. 136 Ghanaati et al. also demonstrated that the pore size, porosity, and shape of b-TCP bone substitutes influenced the integration of the biomaterial within the defect site as well as vascularization rate, following implantation in Wistar rats. 137 The results of in vivo studies demonstrated that although high porosity (80%) allowed the penetration and growth of cells within the center of bone substitutes, the rate of vascularization was enhanced when the porosity of scaffold decreased from 80% to 40%. Ten days after implantation, the vascularization of scaffolds with low porosity was significantly higher than those with a high degree of porosity. 137 In another study, Klenke et al. studied the effect of pore size on the vascularization and osseointegration of ceramic scaffolds in vivo.
138
Porous ceramic scaffolds were fabricated by using a particleleaching process with naphthalene particles followed by sintering. The fabricated ceramic scaffold had pores in the range of 40-280 mm, depending on the sizes of naphthalene particles used during scaffold preparation. It was found that increasing the pore sizes of the scaffolds promoted vascular network formation within the material after implantation in mice. Vessel formation also occurred earlier in scaffolds with pore sizes larger than 140 mm. 138 In addition, the functional capillary density, which indicated microvascular perfusion within the materials, increased when the pore sizes of the scaffold exceeded 140 mm. The volume of newly formed bone tissues within the implant was also increased two-fold when the pore sizes increased from 40 to 280 mm. These results demonstrate that the pore characteristics of the scaffolds play an important role in vascularization and osseointegration of bone substitutes.
Gradient biomaterials. Gradient biomaterials are scaffolds whose compositions and physical properties (e.g., stiffness, porosity, and topology) vary gradually and spatially. 139 A physical gradient is one characteristic that exists in several tissues, such as teeth, articular cartilage, and bone, as well as interfaces between different tissues, such as ligament-to-bone, cartilage-to-bone, and tendon-to-bone. 139, 140 Bone tissue varies from a stiff and compact external structure (porosity 5%-30%), to a spongy internal configuration (porosity 30%-90%). 141 This gradient structure provides mechanical support to external loads while acting as a reservoir for bone marrow. Fabricating gradient scaffolds that mimic the microstructure of natural bone can potentially improve and enhance the formation of new bone tissue. In addition, the use of gradient scaffolds for bone TE can also potentially increase the rate of vascularization and ingrowth of host vessels into the entire scaffold following implantation.
Generation of bone TE scaffolds with controlled spatial gradients provides a powerful tool for studying cell-biomaterial interactions in bone TE. 142, 143 These gradient materials can improve cellular functions, including migration, signaling, proliferation, spreading, and differentiation. For example, the presence of a stiffness gradient has been shown to promote osteoblast development and function. 127 In one study, Marklein and Burdick fabricated a methacrylated hyaluronic acid scaffold with a 15-mm-long gradient in elastic modulus, ranging from 3 to 90 kPa. It was shown that hMSCs exhibited increased spreading and proliferation rates on the stiffer regions of scaffold compared to softer sections. 144 In another study, Oh et al. demonstrated that gradients in pore sizes and porosities could also influence cellular growth and bone tissue formation. 126 In this study, PCL scaffolds containing gradients in pore size ranging from 88 to 405 mm and porosity in the range of 80%-94% were fabricated. In vitro studies demonstrated that the growth of osteoblast cells was promoted in the regions with pore sizes in the range of 380-405 mm. 126 However, 4 weeks after implantation in rabbits, the scaffold region with 290-310 mm pore size exhibited faster bone formation. 126 To date, various methods have been applied to create gradient scaffolds for bone substitution. 139 Yang et al. developed a novel template-casting method to produce highly interconnected porous calcium phosphate (CaP)-graded scaffolds with controlled architecture, composition, and geometry. [145] [146] [147] In this technique, a paraffin template was first fabricated by filling two concentric polyethylene tubes with paraffin beads of two different sizes. The tubes containing paraffin beads were subsequently heated to 50°C to induce bead coalescence and formation of a unitary mold structure. The CaP slurry was cast into the preformed paraffin template, which was followed by solidifying, drying, and sintering processes to form the porous CaP scaffold. Using this technique, a graded CaP scaffold consisting of a dense external structure (*20% porosity) and a porous central structure (70% porosity) was fabricated (Fig. 3A, B) . 147 It was demonstrated that the graded CaP scaffold had pore architectures and mechanical properties similar to natural bone. A porous CaP scaffold loaded with BMP-2 was implanted into a nude mouse to evaluate its ability to enhance bone formation and healing. It was found that the porous scaffolds loaded with BMP-2 induced ectopic bone formation after 1 month of implantation (Fig. 3C) . The fabricated porous scaffolds were also used as BMP-2 carriers to induce bone formation in a 1.5-cm bone defect in rabbit. The results of radiography and micro-CT imaging exhibited the formation of new bone tissue after 1 month (Fig. 3D-F) , demonstrating the ability of fabricated scaffolds to repair various bone defect models. 146 In another study, PCL scaffolds with pore size and porosity gradients were formed by using a centrifuge method. 126 In this technique, a porous PCL scaffold was fabricated by centrifuging a cylindrical mold containing preformed fibril-like PCL, followed by heat-induced fibril bonding. The pore size and porosity of the fabricated scaffolds gradually increased along the longitudinal direction, due to the gradual increase of the centrifugal force along the cylindrical axis in the mold. 126 The pore size
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gradient scaffolds were used to investigate the interaction between different cell types and scaffolds. It was found that various cell types required different pore size ranges for effective cellular growth. For example, chondrocytes and osteoblasts exhibited improved cell growth in the area of scaffold with larger pores, while fibroblast cells were shown to grow better in scaffold sections containing smaller pores. 126 The fabrication of scaffold containing gradients of pore size, porosity, and stiffness that mimic the complex architecture of bone tissue provides a powerful tool for studying cell-biomaterial interactions to accelerate bone tissue regeneration. The fabrication of these complex gradient materials is another effort toward creating bone tissue constructs, and has potential to facilitate the formation of a bone-cartilage tissue interface. It is envisioned that the fabrication and design of gradient biomaterials will open a new avenue for regenerating vascularized bone tissues.
Microfabrication techniques
The previously discussed techniques (i.e., growth factors delivery, using a coculture system, and designing of novel biomaterials) have been widely used to improve the process of vascularization for bone TE. However, these techniques usually result in the formation of randomly organized vessel networks with poor integration capability within the host organism. Therefore, it is desirable to utilize other techniques to preform host-like vessel networks within the cell-laden biomaterials. In the following sections, we discuss different techniques that allow development of more organized vessel networks that could potentially allow for the better integration with the host tissue.
Microfabrication in bone TE. Various techniques (e.g., electrospinning, twin screw extrusion, phase separation, and salt leaching) have been used to engineer biomimetic scaffolds for bone TE applications. 143, [148] [149] [150] [151] [152] [153] These techniques can be used to control the properties of scaffolds and have shown great potential for engineering bone tissue constructs. In addition, more advanced control on the cell microenvironment has been achieved through various microfabrication techniques. Using these technologies, it is possible to create microvasculature within engineered tissues to further improve integration with the host tissue. 154 Microscale technologies are the continuation of semiconductor and circuit technology, which comprise a wide range of processes to develop features in millimeter to submicrometer scales. 155 
FIG. 3. Digital image (A)
and two-dimensional micro-CT image (B) of calcium phosphate-graded scaffolds fabricated by using templating-casting method. The internal part of scaffold contained pores between 350 to 500 mm in diameter and the external zone contained pores between 600 and 800 mm (adapted with permission from Ref. 187 ). (C) Histology images of bone morphogenetic protein (BMP)-2-induced ectopic bone formation in porous scaffold one month after implantation in nude mouse, demonstrating that the pores of scaffold were filled with newly formed bone, which is observed as the violet stain. The natural microenvironment of the cells in vivo is composed of numerous discrete chemical, mechanical, and topographical cues at the micro-and nanoscale, which are believed to serve as signaling mechanisms to control cell function. 156, 157 Therefore, it may be possible to precisely control the cell microenvironment by integration of biology and microscale technologies in order to create engineered tissue constructs that comprise the complexity of the native tissue architectures. 158 To date, microscale technologies have been widely used to develop substrates, scaffolds, or biomaterials with specific properties to meet the desired criteria for bone TE applications. These technologies have also been employed in creating preformed vascular networks that can be ultimately incorporated within the biomaterials to deliver nutrition and oxygen and remove the waste products from the encapsulated cells.
Standard photolithography and soft lithography are among the common techniques that have been applied in patterning biomaterials to create cell-laden engineered tissue constructs. Standard photolithography usually requires a light-sensitive polymer solution containing a photoinitiator, a photomask layout, and a UV light source. The photomask is preprinted with the desired patterns and used to polymerize the polymer solution by exposing the patterned areas to UV light. The UV polymerization results in the crosslinking of the polymer solution to create a solid hydrogel with the desired patterns. Soft lithography techniques (i.e., microcontact printing and micromolding in capillaries) usually employ an elastomeric stamp, which is used to pattern the biomaterials with the desired geometrical features. Major advantages of soft lithography include simplicity and low cost, since these techniques do not require expensive clean room facilities. In addition, by using these techniques, it is possible to create patterns on a variety of planar or nonplanar substrates. 155, 159 Mata et al. used soft lithography to create microtextured surfaces on polydimethylsiloxane (PDMS) substrates to study the behavior of human bone marrowderived cells (hBMDCs) under osteogenic culture conditions and evaluate their osteoblastic differentiation. The substrates were comprised of microchannels with curved surfaces separated by individual ridges (Fig. 4A) . Differentiation of the hBMDCs toward the osteoblastic phenotype was confirmed through staining for ALP activity. On flat surfaces, hBMDCs were oriented in random directions forming large colonies, while on PDMS microchannels, the cells, which were mostly aligned, migrated along the channel axis and formed colonies with higher aspect ratios compared to those on flat surfaces. This technique can potentially be used to improve predesigned platforms and create implants with precise topographical features for bone TE applications.
Other studies have used microgrooves [160] [161] [162] [163] and tapered micropits 164 as suitable topographies to address the current needs in bone TE. For example, Kirmizidis et al. used microgrooved features fabricated in polycarbonate to enhance alignment of primary calvarial rat osteoblast cells. 163 On grooves with 7 mm depth and 10, 15, and 30 mm widths, osteoblast cells exhibited a significantly improved alignment compared to flat surfaces. Notably, the cells maintained their cell-cell junctions (evaluated through connexin43 gap junction expression) and formed multilayers on 10-mm-wide grooves, confirming that the proposed microscale topographies can be potentially used in designing suitable biomaterials for orthopedic implants. 163 In a similar work, a micromolding technique was employed to create hydroxyapatite-based grooved features to analyze human osteoblast cell alignment. The finding of this work indicated that narrow grooves (20 mm width) significantly enhanced cellular orientation and alignment along their axis compared to wider grooves (40- [166] [167] [168] 188 ).
FABRICATION OF VASCULARIZED BONE TISSUE-ENGINEERED CONSTRUCTS
width). 162 Another study showed that on a tapered micropit topography, rat calvarial osteoblasts exhibited spindle line morphology and bridged the micropits, forming small adhesion sites, while mineralized tissue filled the area of the micropits upon in vivo implantation. 163, 164 Rapid prototyping techniques have been also used to develop 3D scaffolds for bone TE applications. Mapili et al. demonstrated a layer-by-layer microstereolithography technique to microfabricate complex and spatially patterned poly (ethylene glycol) dimethacrylate (PEGDMA) hydrogels with desired microfeatures for bone TE applications. Using this technique, it was possible to create 3D constructs with complex architectures and spatially distributed biomolecules (i.e., fibronectin-derived arginine-glycine-aspartic acid [RGD] ). In vitro studies demonstrated enhanced attachment of murine bone marrow-derived stromal cells on the surfaces of the PEGDMA scaffolds. 165 A similar microstereolithography technique was also used to pattern PPF to create a 3D interconnected scaffold for bone TE applications (Fig. 4B) . 166 The surface of the PPF scaffold was modified using biomimetic apatite and RGD to support cellular adhesion and migration. In vitro studies demonstrated that apatite-RGD-coated scaffolds provided a suitable microenvironment for the proliferation of preosteoblasts (MC3T3-E1) for up to 2 weeks. In another study, Subramani et al. used standard photolithography and microcontact printing to create anti-adhesive patterns of PEG hydrogel on planar silicon and glass surfaces with the desired geometrical features (Fig. 4C) . 167 They seeded rat osteoblasts on the patterned substrates and found increased proliferation within the noncoated regions. Additionally, the incorporation of the VEGF within the PEG hydrogel induced osteoblast migration, indicating that osteoblast migration can be controlled using micropatterning techniques. The ability to control cellular migration and localize cellular proliferation with the use of growth factors and micropatterned substrates provides another potential solution for the development of vascularized bone implants.
Microfluidic devices have also been shown to be potentially advantageous in the field of bone TE. Leclerc et al. fabricated a 3D microfluidic device by assembling two PDMS layers, one containing microholes and microchambers to support cell adhesion and the other containing a fluid network (Fig. 4D) . 168 Mouse calvarial osteoblastic cells (MC3T3-E1) were seeded within the device and subjected to static as well as dynamic culture conditions (flow rates of 5 and 35 mL/min). The cells were able to proliferate and attach within the microfluidic device under shear stress. Notably, MC3T3s cultured under the flow rate of 5 mL/min exhibited a 7.5-fold increase in ALP activity compared to the cells in static culture condition. 168 The results of this study indicated that microfluidic devices can be used as efficient platforms for bone tissue regeneration. Although these PDMS-based devices cannot be utilized as implantable TE scaffolds, these systems can serve as proof-of-concept applications.
Applying microfabrication to potentially enhance vascularization in bone TE. The previous section focused on the use of microscale technologies to create scaffolds or substrates as suitable platforms for bone TE applications. This section will focus on the potential use of microfabrication techniques to enhance vascularization in engineered bone substitutes. Microscale technologies hold a great promise in creating vascularized networks within engineered tissue constructs. 9, 169, 170 To date, numerous approaches such as micropatterning, microcontact printing, and micromolding have been widely adopted in the development of in vitro microscale vascularized networks.
A number of studies have used micropatterning of natural or synthetic hydrogels to enhance ECs alignment and promote angiogenesis. [171] [172] [173] West and coworkers have been actively involved in using microfabrication technologies and PEG-diacrylate (PEGDA) hydrogels to enhance the process of vascularization for TE applications. Standard photolithography techniques and laser scanning lithography were employed to pattern PEG hydrogels in the form of strips with variable width on a layer of PEGDA. [173] [174] [175] [176] The surfaces of the patterned hydrogels have been modified through binding of cell-adhesive ligands (i.e., RGD), active molecules, and growth factors (i.e., VEGF) to support EC function. Their findings demonstrated that an intermediate concentration of RGD (20 mg/cm 2 ) induced HUVECs to undergo morphogenesis, assembling on top of each other to form cord-like structures along the patterned PEG strips. 175 Notably, the addition of VEGF to RGD ligands on the patterned hydrogel further enhanced tubule formation, which was verified by detecting lumens using confocal microscopy (Fig. 5A) . 173 Khademhosseini and colleagues reported using methacrylated gelatin (GelMA) to investigate EC organization and alignment. 171, 177 Gelatin is an inexpensive and biocompatible polymer that can be synthesized after hydrolysis of collagen, and maintains cell binding motifs, such as RGD, along its backbone. The methacrylation of gelatin makes it photocrosslinkable, and through microfabrication technology, it is possible to create patterned geometries on cell-laden GelMA hydrogels. In their work, they demonstrated that HUVECs were able to form lumen-like ring structures on GelMA with gel concentrations of 5%, 10%, and 15%. 171 Alignment of HUVECs was significantly enhanced within the patterned microchannels (50 mm width) compared to unpatterned regions, confirming the possibility of creating 3D vascularized networks using micropatterned GelMA. 177 Microcontact printing methods have been used to pattern proteins on two-dimensional surfaces in order to promote alignment and organization of ECs along the patterned regions. 178, 179 The advantage of this technique is that patterns can be generated on a number of different substrates, such as glass, silicon, and polystyrene, using proteins solutions. This would allow for the creation of patterned microvasculature structures without consideration of the substrate materials. 159 For example, Dike et al. demonstrated that both human and bovine ECs were well-connected and differentiated, forming capillary-like structures comprised of luminal cavities when grown on 10-mm-wide lanes. 178 In another approach, Gerecht and coworkers used microcontact printing followed by inversion of the patterned surfaces on a layer of fibrin hydrogel to promote tubulogenesis of human endothelial progenitor cells. 179 Fibronectin protein was patterned on glass substrates with widths in the range of 2.5 to 70 mm. Optimal cell attachment and proliferation was observed on 50 mm widths after 5 days of culture. The expression of adhesion molecules such as E-selectin and intercellular adhesion molecule-1 was significantly enhanced in response to tumor necrosis factor-a, indicating the angiogenic ability of 374 NGUYEN ET AL.
the cells within the 50-mm pattern widths. By addition of the fibrin gel to the patterned cells, it was possible to create 3D tubular structures comprising lumens. Furthermore, other researchers have used micromolding techniques to spatially control EC organization and to enhance in vitro tubulogenesis. Raghavan et al. employed a micromolding technique to create cell-laden collagen gels consisting of microscale channels. 180 In this technique, a mold consisting of channels with the desired geometries and precoated with nonadhesive polymers was primarily fabricated in PDMS. The ECs were encapsulated within the collagen gel, and then the cell-laden gel was placed inside the channels through centrifugation followed by curing of collagen at 37°C. They observed that encapsulated ECs organized into tubes with lumens within 24-48 h. 180 It was also demonstrated that the tube diameter could be controlled by the collagen concentrations and channel width. Furthermore, the generation of more complex capillary architectures could be achieved by guiding the development of branches during tubule formation within the microfabricated geometry (Fig.  5B) . These results illustrated the potential use of micromolding techniques to generate geometrically defined vascular networks.
In addition to micropatterning and micromolding of proteins and hydrogels, microfluidic systems have been used to develop 3D vascularized networks for TE applications. Both hydrogels 181--183 and biocompatible, biodegradable polymers 184, 185 have been used in development of microfluidic networks for vascularization purposes. In one study, soft lithography and a silicone master were used to mold the cell-embedded calcium alginate hydrogel on the desired microstructure. 183 Using this approach, it was possible to appropriately distribute the embedded microfluidic channels and uniformly exchange the soluble factors within bulk hydrogels. Khademhosseini and colleagues used a soft lithography technique to cast agarose hydrogels against a micropattered SU-8 photoresist on a silicon substrate to create hydrogel-based microfluidic channels. 181 Subsequently, another layer of agarose hydrogel was used to seal the channels (Fig. 5C ). They demonstrated that it was possible to create microfluidic channels with variable feature sizes and high porosity, which were suitable for the creation of vascular networks. Their results showed that the cells remained viable in close proximity of the channels, confirming proper nutrient and waste exchange through the channels to the surrounding regions.
Considerable work within this field has been done by Borenstein and colleagues to develop highly branched multilayer microfluidic network using biocompatible and biodegradable polymers such as PDMS 185 and PLGA 184 in order to mimic in vivo microvasculatures. In their primary studies, they used a patterned silicon substrate as a mold and replica-molding technique to create highly branched microfluidic network in PDMS, which was subsequently seeded 173, 180, 181, 185 ). Color images available online at www.liebertpub.com/teb with ECs for vascular formation (Fig. 5D) . 185 In another study, a PDMS mold was used to create the desired microstructures out of PLGA through a melt-molding process. Multiple layers of patterned PLGA layers were bonded through thermal fusion bonding to create the desired 3D multilayer microfluidic network. 184 Microscale technologies have been proven to be a powerful tool in development of precise topographical features, scaffolds, and cell-laden hydrogels for bone TE applications. These technologies have been also applied to address the current challenges in vascularization of tissue constructs. Microscale technologies offer the flexibility in creating precise 3D architectures with embedded vascularized and capillary networks. For example, in a study by Moroni et al., rapid prototyping computer-aided design/computer-aided manufacturing (CAD/CAM) was used to create microscale 3D scaffolds consisting of well-organized hollow fibers with controllable diameter and thickness that could be further used as a vascularized network for TE applications. 186 It is envisioned that by employing microscale technologies, it would be possible to address the current needs within the field of bone TE to produce a fully functional vascularized bone substitute.
Conclusions
The direction of bone TE has evolved through the years, and as the progression developed, more advanced concepts are being incorporated into the equation. Novel approaches such as dual growth factor delivery, coculturing systems, incorporation of mechanical stimulation, biomaterials with tunable properties, and microfabrication of specific microfeatures, have been proposed in bone TE field to create constructs for generation of large bone defects. However, even with the development of these strategies, challenges still remain in the inability to reproduce an engineered bone replacement that truly mimics natural bone with well-formed and stable blood vessels. The lack of vascularization in engineered bone tissue is a major obstacle that needs to be overcome in order to achieve clinical success, particularly for the regeneration of large bone defects. The absence of a vascularized network limits the maximum effective size of engineered bone tissue due to insufficient nutrients and oxygen available within the constructs. The above-mentioned strategies have been proposed to enhance vascularization in bone tissue-engineered constructs. Although each individual approach does facilitate the formation of blood vessels, no one strategy alone has been successful in producing stable and mature vascularization within a bone replacement construct. Therefore, combining these approaches can be considered as a mean of further improvement toward generating vascularized bone tissue substitutes that more closely mimic the complexity of natural bone. The resulting engineered construct ideally would aid and facilitate the natural bone-healing process in vivo. The ability to accomplish such a complex native-like construct will bring the field of bone TE closer to the ultimate goal of producing a prevascularized bone tissue for the treatment of bone defects. With continued research in the techniques presented here, and new advanced techniques in the future, the improved ability to develop more complex bone tissue constructs will drive investigators closer to make advances toward clinical restoration of bone tissue function.
